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Abstract
The purpose of this work was to quantify the effects of scatter for inverse‐geometry dedicated breast CT
compared to cone‐beam breast CT through simulations. The inverse geometry was previously proposed as an
alternative to cone‐beam acquisition for volumetric CT. The inverse geometry consists of a large‐area scanned‐
source opposite a detector array that is smaller in the transverse direction. While the gantry rotates, the x‐ray
beam is rapidly sequenced through an array of positions, acquiring a truncated projection image at each
position. Inverse‐geometry CT (IGCT) is expected to detect less scatter than cone‐beam methods because only a
fraction of the object is irradiated at any time and the fast detector isolates the measurements from sequential
x‐ray beams. An additional scatter benefit is the increased air gap due to the inverted geometry. In this study,

we modeled inverse‐geometry and cone‐beam dedicated breast CT systems of equivalent resolution, field of
view, and photon fluence. Monte Carlo simulations generated scatter and primary projections of three
cylindrical phantoms of diameters 10, 14, and 18 cm composed of 50% adipose/50% glandular tissue. The
scatter‐to‐primary ratio (SPR) was calculated for each breast diameter. Monte Carlo simulations were combined
with analytical simulations to generate inverse‐geometry and cone‐beam images of breast phantoms embedded
with tumors. Noise representing the photon fluence of a realistic breast CT scan was added to the simulated
projections. Cone‐beam data were reconstructed with and without an ideal scatter correction. The CNR
between breast tumor and background was compared for the inverse and cone‐beam geometries for the three
phantom diameters. Results demonstrated an order of magnitude reduction in SPR for the IGCT system
compared to the cone‐beam system. For example, the peak IGCT SPRs were 0.05 and 0.09 for the 14
and 18 cm phantoms, respectively, compared to 0.42 and 1 for the cone‐beam system. For both geometries, the
effects of scatter on contrast‐to‐noise ratio (CNR) were small for the 10 cm diameter phantom. The inverse‐
geometry improved the CNR by factors of 1.16 for the 14 cm phantom and 1.48 for the 18 cm phantom
compared to a cone‐beam acquisition without scatter correction. When an ideal scatter correction was applied
to the cone‐beam acquisition, the IGCT CNR improvements were 1.03 and 1.25 for the 14 and 18 cm phantoms.
Overall, the results suggest that the inverse geometry may be advantageous for dedicated breast CT, an
application that requires high‐contrast resolution, spatial resolution, and dose efficiency.

I. INTRODUCTION
Dedicated breast computed tomography (CT) is a promising technology for acquiring volumetric images of the
breast with isotropic, submillimeter resolution at dose levels equivalent to mammography and without breast
compression.1,2 Numerous studies have investigated the performance of breast CT with respect to image quality
and radiation dose.3–15 In an initial clinical trial, breast CT was more effective for depicting masses and less
effective for depicting calcifications compared to mammography.16
In dedicated breast CT, the patient lies prone with the breast to be imaged positioned through an opening in the
table. The CT gantry, composed of a source and detector, is located beneath the table and rotates about the
breast. The majority of proposed breast CT systems utilize an x‐ray tube which emits a half‐cone‐beam towards
a flat‐panel detector, as illustrated in Fig. 1. While the cone‐beam geometry enables rapid acquisition of the
breast volume, it also leads to several image quality limitations.

Figure 1 Cone‐beam dedicated breast CT geometry consisting of an x‐ray source and a large‐area detector.
One limitation is that an axially scanned cone‐beam acquisition does not sufficiently sample the volume, which
may cause artifacts as the cone angle increases.17 Alternative breast CT scanning trajectories have been
proposed to provide sufficient volumetric sampling.18–20 Because cone‐beam systems instantaneously irradiate a
large volume, scattered radiation is an additional image quality concern. Scattered radiation decreases the
contrast and contrast‐to‐noise ratio (CNR) in CT images and also introduces artifacts.21–24 Numerous techniques
have been proposed to mitigate the effects of scatter for cone‐beam CT. One approach is to reduce the

scattered radiation that reaches the detector, for example by using slot collimators, grids, or an air
gap.25,27 Another approach is to correct for the effects of scattered radiation after acquisition by either
measuring or modeling the scatter signal.28–34 While these postacquisition correction methods may reduce the
deterministic effects of scatter, i.e., the cupping artifacts and contrast loss, they cannot correct for the
stochastic contribution of scattered radiation.
Several studies have investigated the magnitude and reduction in scatter specifically for dedicated breast CT.
The scatter‐to‐primary ratio (SPR) of a dedicated breast CT system was experimentally measured to range from
0.2 to 1 depending on breast size and composition.7 In this study, the use of grids and air gaps provided a limited
reduction in SPR. A multislit multislice system (MSMS) has been proposed to enable low‐scatter acquisition with
a photon‐counting detector.26 The mechanical scanning of the slot collimators in the MSMS may necessitate
longer scan times. In the proposed MSMS configuration, the source is stationary, resulting in cone‐beam
sampling. A postacquisition scatter correction algorithm has been proposed for breast CT that reduces the
cupping artifacts but does not recover the loss in contrast.34
Breast imaging is a challenging task that requires high‐contrast resolution to depict masses, high spatial
resolution to depict calcifications, and low dose, especially for screening applications. Therefore it is important
to reduce the effects of scatter in order to improve the contrast performance and dose efficiency of breast CT
systems. The inverse geometry is an alternative volumetric CT technique with the potential for scatter
reduction.35 Inverse‐geometry CT (IGCT), illustrated in Fig. 2, consists of a large‐area scanned source opposite a
detector array that is smaller than the source in the transverse direction. The implementation and performance
of a prototype table‐top IGCT system was described previously.36 The prototype system utilized a scanned
transmission‐anode x‐ray source and a photon‐counting detector (NovaRay Inc., Newark, CA).37,38 While the
gantry rotates, the electron beam is rapidly and electromechanically steered behind the transmission target. The
beam dwells for 1 𝜇𝜇𝑠𝑠 at each of an array of positions, where the resulting x‐ray beam is collimated to illuminate
the detector. At each source position, a truncated projection of the object is acquired. Because the IGCT source
and detector have the same longitudinal extent, sufficient volumetric sampling is achieved. The detected scatter
is reduced compared to a conventional cone‐beam system because only a fraction of the object is irradiated at
any time while the fast detector isolates the measurements from sequential beams. An additional scatter
benefit is the increased air gap that occurs when the conventional geometry is inverted. Previous IGCT
investigations demonstrated the feasibility of subsecond scan times for a 15 cm thick
volume, 0.25 mm isotropic resolution, and negligible cone‐beam artifacts.35,36 To our knowledge, the scatter
performance of IGCT has not been quantified for any application.

Figure 2 Inverse‐geometry dedicated breast CT consisting of a large‐area scanned source and a narrower
detector array.
The inverse geometry, which has the potential for increased dose efficiency due to scatter reduction and
photon‐counting detection, may be advantageous for dedicated breast CT scanning. In this study, we

investigated the scatter performance of the inverse geometry compared to the cone‐beam geometry for
dedicated breast CT. We quantified the SPR of comparable inverse‐geometry and cone‐beam systems for a
range of breast diameters through simulations. We also investigated the effects of scatter on the CNR of both
inverse and cone‐beam geometries.

II. MATERIALS AND METHODS
II.A. Monte Carlo simulations
Our goal was to quantify the magnitude and impact of detected scatter for a breast IGCT system and a
comparable cone‐beam breast CT system. In order to isolate the effects of scatter, the IGCT and cone‐beam
systems were simulated with equivalent field of view (FOV), spatial resolution, detectors, photon fluence, and
spectrum. Table I lists the specifications of the simulated cone‐beam and inverse‐geometry dedicated breast CT
systems. The cone‐beam geometry was based on a configuration studied in the literature.7 The specifications of
the IGCT system were determined by inverting the in‐plane cone‐beam geometry as illustrated in Fig. 3. The
source‐to‐detector distance (SDD) was equivalent for both cone‐beam and inverse geometries; however, the
source‐to‐isocenter distance (SID) and the detector‐to‐isocenter distance (DID) were inverted in the inverse
geometry. The dimensions of IGCT source and detector in the slice direction were chosen to provide the same
longitudinal FOV as the cone‐beam system. The inverse‐geometry source and detector sampling were based on
available hardware components (NovaRay, Inc., Newark, CA). To maintain similar resolution properties, both
systems used the same focal spot and detector aperture sizes. The focal spot and aperture sizes are expected to
have a negligible effect on the SPR and large‐signal CNR.

Figure 3 Illustrations of the in‐plane (transverse) geometries of the inverse and cone‐beam systems. If the IGCT
source and cone‐beam detector have the same in‐plane extent, the coverage is nearly identical when the SID
and DID are inverted in the two systems.
Table I. Specifications of simulated IGCT and cone‐beam systems.
IGCT
Cone beam
2
Source dimensions (in plane × slice)
40 × 18 cm N/A
160 × 72
Number of source positions
N/A
2
Detector dimensions (in plane × slice)
54 × 18 cm 40 × 30 cm2
48 × 160
1024 × 768
Number of detector elements

0.183 mm
Focal spot (Gaussian, standard deviation)
1.14 mm
Detector aperture
Source‐to‐isocenter distance (SID)
31.5 cm
78 cm
Source‐to‐dectector distance (SDD)
FOV (in plane × slice)
22 × 18 cm2

0.183 mm
1.14 mm
46.5 cm
78 cm
22 × 18 cm2

Because the mean scatter signal is low frequency and in order to improve the statistics of the Monte Carlo
simulations, the IGCT source and cone‐beam detector arrays were subsampled in the Monte Carlo simulations
by factors of 4 and 2, respectively, from the values listed in Table I.
Monte Carlo simulations were performed with the GEANT 4 software library.39 The simulation software was
validated against previously published cone‐beam studies.33 A 164 node high‐performance computing cluster
provided parallel processing of the Monte Carlo simulations. Monoenergetic simulations were performed
at 50 keV and both systems were simulated with an ideal photon‐counting detector. These simplifications
facilitate isolating the effects of scatter from the effects of beam hardening and detector efficiency. To verify
that the monoenergetic assumption is reasonable for quantifying the relative scatter performance of the inverse
and cone‐beam geometries, we also performed Monte Carlo simulations with a modeled 80 kVp spectrum
filtered with 3 mm of aluminum.40
The breast phantoms were modeled as cylinders composed of a homogeneous mixture of 50% glandular and
50% adipose tissue. In other words, the phantom was composed of a single material whose elemental
composition was the mean of the known compositions of glandular and adipose tissue.41 Simulations were
performed with 10, 14, and 18 cm diameter phantoms representing a small, an average, and a large breast. The
phantom length was equal to 1.5 times the radius.

Because the phantoms are rotationally symmetric, a projection at one view angle was simulated for both the
IGCT and cone‐beam systems. In the Monte Carlo simulations, all photons are classified as primary when they
begin their trajectory from the source to the detector. As the photon trajectory is tracked through the object,
the photon is classified as scatter if the interaction at a particular step is Rayleigh or Compton scatter. Fifteen
billion x‐ray photons were tracked in the cone‐beam simulations, as this number was found empirically to result
in a 1% standard deviation in the mean scatter signal. One IGCT projection, which is composed of rays
connecting every source location to every detector pixel, inherently samples data at a range of azimuthal angles.
Therefore, more photons are required for the IGCT simulations and we chose 50 × 109 as a reasonable
compromise between runtime and SPR accuracy.

II.B. Scatter‐to‐primary ratio (SPR)

The SPR of the cone‐beam and IGCT projections was calculated by dividing the number of scattered photons
reaching each detector pixel by the number of primary photons reaching the pixel. Direct comparison of the
cone‐beam and IGCT SPR is challenging because one IGCT projection contains many truncated images, one for
each source position. In the IGCT acquisition, each source location irradiates the object with a small cone beam;
however, if we consider the rays connecting all the source locations to one detector element, the result is a
reverse cone‐beam image, as shown in Fig. 4. We rearranged the IGCT data to display rays connecting all source
locations to the central pixel in the top detector row. The SPR of this IGCT reverse projection was compared to
the conventional cone‐beam projection. In order to compare the overall SPR, we plotted histograms of SPR for
all rays that pass through the phantoms in both geometries.

Figure 4 (a) The IGCT data as they are acquired. At each source location a small cone beam is emitted and
collimated towards the detector. (b) An IGCT reverse cone‐beam projection consisting of rays that connect one
detector pixel to all source locations.
In the inverted geometry, the increased air gap and the rapid fractional scanning of the object both act to
reduce scatter. To understand the contribution of air gap, the cone‐beam Monte Carlo simulation was modified
to have the same DID as the IGCT system (DID increased from 31.5 to 46.5 cm) and the resulting SPR profiles
compared. If the SID is held constant, the detector area must increase with the air gap in order to maintain the
field of view.

II.C. Contrast‐to‐noise ratio (CNR)

In addition to quantifying the amount of scattered radiation, it is important to quantify the effects of scatter on
the reconstructed image. We investigated the effects of scatter on the CNR in reconstructed images of tumors in
breast tissue. To isolate the effects of scatter from those of beam hardening, all simulations assumed a
monoenergetic 50 keV beam.

II.C.1. Simulation procedure

We simulated cone‐beam and inverse‐geometry systems with specifications listed in Table I. Five hundred view
angles were simulated for the cone‐beam system. For the IGCT simulations, projections at 55 view angles were
simulated as this number was found to provide sufficient sampling (the IGCT system requires fewer views
because each view samples a range of azimuthal angles).35 The breast phantoms in this study were cylinders
composed of 50% glandular/50% adipose tissue containing four spherical invasive ductal carcinoma (IDC) tumors
of diameters of 2, 1, 0.75, and 0.5 cm. All tumors were centered 1.5 cm from the top of the breast
and 3.5 cm from the center of rotation.
While the SPR can be quantified in one projection, projections at 360° must be simulated in order to reconstruct
images. Reduction in simulation time is possible if we assume that the mean scatter signal is constant across
view angles. While this assumption is true for the cylinder breast phantoms, the addition of the off‐centered
tumors removes the rotational symmetry of the phantoms. However, the tumors are small, low‐contrast objects
and are unlikely to considerably alter the scatter signal. To validate this assumption, we performed a Monte
Carlo simulation of the 18 cm diameter cylinder with and without a 2 cm diameter tumor located at the
isocenter and compared the resulting scatter projections. Once the assumption was validated, the scatter
projections simulated in the SPR study were used to calculate the mean scatter signal for all view angles.

The Monte Carlo simulations used in this study model the stochastic transport of photons but not the stochastic
generation of photons. The process of photon generation is responsible for the Poisson distribution of x‐ray
measurements.42 To generate projections with proper noise statistics, we simulated cone‐beam and inverse‐
geometry projections in three steps: (1) analytically simulated fully sampled primary projections and (2) mean
scatter projections obtained from Monte Carlo simulations and (3) addition of noise representative of a realistic
breast CT scan. The simulation procedure is described in more detail below.

For both the IGCT and cone‐beam systems, the line integral through the phantom was calculated analytically
assuming the known attenuation coefficient of breast tissues.43 The mean scatter projection 𝑆𝑆 was estimated by
denoising the Monte Carlo scatter projections with the Richardson–Lucy fitting algorithm followed by bilinear
interpolation to match the fully sampled analytical projections. The Richardson–Lucy algorithm was previously
proposed for denoising scatter projections obtained through Monte Carlo simulation.44 The mean detected
signal for a detector pixel, 𝑃𝑃� (𝑖𝑖, 𝑗𝑗), that measures photons along ray path 𝑠𝑠 is
(1)

𝑃𝑃�(𝑖𝑖, 𝑗𝑗) = 𝑁𝑁 · �exp �− � 𝜇𝜇(𝑥𝑥, 𝑦𝑦, 𝑧𝑧)𝑑𝑑𝑑𝑑� +

𝑆𝑆(𝑖𝑖, 𝑗𝑗)
�,
𝑁𝑁MC

where 𝑁𝑁 is the number of simulated incident photons per ray and 𝑁𝑁MC is the number of incident photons per
ray in the Monte Carlo simulation. The noise in an x‐ray measurement is Poisson distributed with mean and
variance equal to the total number of detected counts (primary and scatter).42 We first verified that the
detected photon flux was sufficiently large to approximate Poisson noise with additive Gaussian noise and then
simulated noisy projection data as

(2)

𝑃𝑃�(𝑖𝑖, 𝑗𝑗) = 𝑃𝑃�(𝑖𝑖, 𝑗𝑗) + 𝑛𝑛(0, 𝑃𝑃�(𝑖𝑖, 𝑗𝑗)),

where 𝑛𝑛(𝑚𝑚, 𝜎𝜎 2 ) is Gaussian noise with mean 𝑚𝑚 and variance 𝜎𝜎 2 . In order to generate images with realistic
standard deviation, a realistic number of photons, 𝑁𝑁, must be simulated. Boone et al. determined the photon
fluence at the isocenter of a breast CT system which imparts radiation dose equivalent to a two‐view
mammogram for different breast diameters.4 The photon fluence was found to be nearly independent of kVp.
To estimate the total number of photons (Table II) required in our simulations to represent a realistic breast CT
scan, we multiplied the published photon fluence values at 80 kVp by the area of the beam at the isocenter for
the cone‐beam geometry specified in Table I. For each of the cone‐beam and inverse geometries, the number of
photons per ray, 𝑁𝑁, was calculated by dividing the values in Table II by the number of rays per view and the
number of view angles. We simulated photon fluence representing dose equivalent to two‐view mammography
for each breast diameter; however, this dose level varies with breast size.4
Table II. Number of simulated photons per acquisition
Breast diameter Number of photons
10 cm
1.6 × 1012
14 cm
7.8 × 1012
18 cm
1.9 × 1013

Finally, the projection data, 𝑃𝑃�, were normalized by the number of incident photons, 𝑁𝑁, and the logarithm
performed prior to reconstruction. Cone‐beam data were reconstructed with the Feldkamp algorithm, and IGCT
data were reconstructed with the FORE‐J algorithm.45–47 Figure 5 summarizes the simulation and reconstruction
procedure. The simulations were repeated five times for each of the cone‐beam and IGCT geometries and for
each of the three breast diameters.

Figure 5 A flow chart detailing the steps for simulating and reconstructing IGCT and cone‐beam images.
It is important to simulate cone‐beam and IGCT systems with equivalent spatial resolution and dose, so that any
differences in CNR are due to scatter. To approximate comparable dose, we simulated both systems with the
same total number of photons, representing the photon fluence at the isocenter of a breast CT scan with dose
equivalent to mammography. To approximate equivalent spatial resolution, the backprojection filter in both
reconstruction algorithms was apodized with a Hanning window with a cutoff of 8 lp/cm. To verify that both
systems have the same spatial resolution, the modulation transfer function (MTF) was calculated by simulating
a 100 𝜇𝜇m diameter sphere centered at the isocenter on the plane 1.5 cm from the top of the breast.

II.C.2. CNR measurement

For all simulations, the central axial slice through the tumors was reconstructed with pixels of 0.25 by 0.25 mm.
Two 40 by 40 pixel regions of interest (ROIs) equidistant from the isocenter were extracted from the
reconstructed images: one ROI contained only tumor and the other only breast background. The mean (HU) and
standard deviation (𝜎𝜎) of the CT numbers were determined in each ROI, and the CNR between tumor and breast
background was calculated with Eq. (3). The mean and standard deviation of the CNR over the five trials were
also calculated,

(3)

CNR =

HUtumor − HUbackground
.
σbackground

The relationship between SPR and CNR is described analytically in Eq. (4) where CNR 𝑜𝑜 is the nominal CNR in the
absence of scatter.24 Based on this relationship, the CNR improvement factor of the IGCT compared to cone
beam, 𝐹𝐹CNR , can be calculated [Eq. (5)],
(4)

(5)

II.C.3. Scatter correction

CNR scatter = CNR 𝑜𝑜 ·

𝐹𝐹CNR =

1

√1 + SPR

,

CNR IGCT
1 + SPR CBCT
=�
.
CNR CBCT
1 + SPR IGCT

Some form of scatter correction will likely be performed in cone‐beam breast CT to reduce the effects of scatter;
therefore we also compared the IGCT images to scatter‐corrected cone‐beam images. The scatter‐corrected
projection, 𝑃𝑃�corrected , was obtained by subtracting the mean scatter signal from the noisy projection data prior
to reconstruction, as described in Eq. (6). This correction scheme eliminates the deterministic effects of scatter
and represents an ideal correction that would be difficult to achieve in practice, where the mean scatter signal
must be estimated through postprocessing or experimental measurement,
(6)

III. RESULTS

𝑃𝑃�corrected (𝑖𝑖, 𝑗𝑗) = 𝑃𝑃�(𝑖𝑖, 𝑗𝑗) − 𝑆𝑆(𝑖𝑖, 𝑗𝑗).

III.A. Scatter‐to‐primary ratio (SPR)

Figure 6 plots the SPR of cone‐beam projections and IGCT reverse cone‐beam projections of the three breast
phantoms at 50 keV (solid lines) and 80 kVp (dotted lines). Published experimental SPR results, measured
at 80 kVp, are also plotted.7 All profiles represent projections at a 4° cone angle. Table III summarizes the peak
SPR averaged over the central 1 cm of the detector. The monoenergetic and polyenergetic simulations resulted
in similar SPR curves; therefore all subsequent simulations assume a monoenergetic 50 keV beam.

Figure 6 SPR profiles of simulated cone‐beam projections and IGCT reverse projections for the three breast
diameters. The solid lines represent the monoenergetic 50 keV simulations, while the dotted lines represent the
polyenergetic 80 kVp simulations. Published experimental cone‐beam results are also plotted (Ref. 7).

Table III. Peak SPR for three breast diameters.
𝟏𝟏𝟏𝟏 𝐜𝐜𝐜𝐜 𝟏𝟏𝟒𝟒 𝐜𝐜𝐜𝐜 𝟏𝟏𝟖𝟖 𝐜𝐜𝐜𝐜
(
)
IGCT 50 keV
0.03
0.05
0.09
IGCT (80 kVp) 0.02
0.06
0.09
(
)
CBCT 50 keV 0.15
0.42
0.99
CBCT (80 kVp) 0.18
0.44
0.98

The profiles plotted in Fig. 6 represent a subset of the projection data. To further compare the SPR of the two
geometries, Fig. 7 displays histograms of SPR for all rays that pass through the phantoms.

Figure 7 Histograms comparing the SPR of IGCT and cone‐beam rays that pass through the 10, 14,
and 18 cm diameter breast phantoms.

Figure 8 compares the SPR of a cone‐beam system with DIDs of 31.5 and 46.5 cm. The increase in air gap
reduces the SPR from 0.41 to 0.31 for the cone‐beam system compared to a SPR of 0.05 for the IGCT system
with 46.5 cm DID.

Figure 8 SPR profiles of a cone‐beam system with the originally specified DID (31.5 cm) and with DID matched
to the IGCT system (46.5 cm). The object is the 14 cm diameter phantom.

Overall, the SPR is an order of magnitude lower for the IGCT system compared to the cone‐beam system. The
simulated results are in reasonable agreement with the published experimental SPR measurements.

III.B. Contrast‐to‐noise ratio (CNR)

In our methods we assumed that the low‐contrast tumors do not affect the scatter projection. Figure 9 supports
this assumption, plotting the scatter projection of an 18 cm diameter breast phantom with and without
a 2 cm diameter tumor. The displayed profile corresponds to the projection through the center of the tumor.
Based on this result, the mean scatter projection simulated at one view angle was used to generate projections
at all views. A second assumption in our methods was that both the cone‐beam and IGCT systems have
comparable spatial resolution. Figure 10 plots the in‐plane MTF of the two systems, demonstrating that both
systems are operating with similar spatial resolution. A third assumption was that the Poisson photon noise
could be simulated with additive Gaussian noise. The minimum number of expected detected counts across all
pixels in all simulations was 37 counts, with most pixels detecting several hundred or thousand counts. The
Gaussian approximation is reasonable based on this number of expected counts.

Figure 9 Detected scatter for an 18 cm diameter breast phantom with and without a 2 cm diameter tumor at
the isocenter.

Figure 10 MTF of the simulated IGCT and cone‐beam systems. The MTF is considerably worse than that reported
in Ref. 36 because of the different SDDs and DIDs and because the MTF in this case is limited by
the 8 lp/cm bandwidth of the reconstruction filter.

Figure 11 compares the reconstructed cone‐beam and IGCT images of the 18 cm diameter breast in the absence
of scatter. All images are windowed to display values between −500 and 200 HU. Images of
the 18 cm phantom including the effects of scatter are shown in Fig. 12. IGCT images are compared to cone‐
beam images with and without ideal scatter correction.

Figure 11 Reconstructed axial images of the 18 cm diameter breast phantom simulated without the effects of
scatter. The phantom contains IDC tumors of 0.5, 0.75, 1, and 2 mm diameters. All images are windowed to
display CT numbers from −500 to 200 HU.

Figure 12 Reconstructed axial images of the 18 cm diameter breast phantoms simulated with scatter. The cone‐
beam system was reconstructed with and without ideal scatter correction. All images are windowed
from −500 to 200 HU.

To better visualize the effects of scatter, Fig. 13 plots the central horizontal profiles of the reconstructed images.
The cupping artifacts seen in the cone‐beam images are absent in the IGCT images. As expected, the ideal cone‐
beam scatter correction eliminates the cupping artifact and recovers the contrast; however, the stochastic
scatter signal remains and thus the noise is increased.

Figure 13 Central horizontal profiles through axial breast phantom images.

The CNR of the IGCT and cone‐beam images are plotted in Figs. 14 and 15, with error bars depicting the
standard deviation of the CNR measurement across the five simulation trials.

Figure 14 CNR in the absence of scatter. The error bars represent the standard deviation across five trials.

Figure 15 CNR of images simulated with scatter. The error bars represent the standard deviation across five
trials.
The results demonstrate that in the absence of scatter, the IGCT and cone‐beam images have comparable CNR.
When the effects of scatter are included, the inverse geometry improves the CNR compared to an uncorrected
cone‐beam acquisition by a factor of 1.16 for the 14 cm diameter breast and 1.48 for the 18 cm diameter
breast. Analytical predictions based on the SPR results [Eq. (4)] estimate CNR improvement factors of 1.16 and
1.35 for the 14 and 18 cm phantoms. The difference in CNR is negligible for the 10 cm breast. Compared to a
cone‐beam reconstruction with an ideal scatter correction, the IGCT system has a factor of 1.25 improvement in
CNR for the 18 cm diameter breast and a negligible improvement for the smaller phantoms.

IV. DISCUSSION AND CONCLUSIONS
The results indicate that the inverse geometry reduces the SPR by an order of magnitude and that the majority
of the scatter reduction is due to the fractional scanning of the IGCT system. For example, when comparing
systems with equivalent but inverted in‐plane geometries, the SPR was reduced by 88% for the 14 cm diameter
breast. When comparing systems with equivalent air gap, the inverse geometry reduced the scatter by 84%. As
demonstrated in Fig. 6 and Table III, the SPR increases more rapidly with breast dimensions for the cone‐beam
system compared to the IGCT system. In our simulations, the length of the breast phantoms increased linearly
with the diameter. In the cone‐beam geometry, the size of the beam needed to irradiate the object increases in
both the in‐plane and slice directions with increased breast dimensions. In the IGCT system, the size of the beam
in the in‐plane directions is fixed by the 5.4 cm detector extent; therefore the scatter increases only with breast
length.
The presented study was designed to quantify the effects of the inverse geometry on scatter as independently
of specific hardware components as possible. Therefore, both inverse‐geometry and cone‐beam systems were
simulated with ideal photon‐counting detectors. Energy‐integrating detectors weigh each incoming photon by
its energy, thereby giving less weight to the low energy photons. Photon‐counting detectors weigh all photons
equally. Because the detected scatter spectrum is softer than the primary spectrum, photon counting will
amplify the scatter signal compared to energy integrating. On the other hand, by increasing the threshold above
which photons are counted, photon‐counting detectors can reject some scattered photons. Quantifying the
scatter effects of photon counting versus energy integrating is important for all CT geometries and requires
further study.

The ideal scatter correction implemented in this study relies on knowledge of the true mean scatter signal, a
scenario that is difficult to achieve in practice. Methods that correct the cupping artifact do not necessarily
recover the loss in contrast due to scatter, as is the case for the scatter correction algorithm specifically
proposed for breast CT.34 Overall, we expect the IGCT images to have a non‐negligible improvement in CNR
compared to cone‐beam images reconstructed with realizable scatter correction methods for the
average (14 cm) and large (18 cm)breast sizes.

Our results demonstrate a factor of 1.48 improvement in CNR with the inverse geometry for the 18 cm diameter
breast compared to a cone‐beam acquisition with no scatter correction or a cupping‐only correction. Compared
to a cone‐beam acquisition with an ideal scatter correction, the IGCT system provided a 1.25 improvement in
CNR. Because the noise standard deviation in a CT reconstruction is inversely proportional to the square root of
exposure, our results predict that the IGCT system can provide the same CNR as the cone‐beam system (without
scatter correction) at 46% of the dose for the 18 cm diameter breast and at 74% of the dose for
the 14 cm breast.23 Compared to a cone‐beam system with an ideal scatter correction, the IGCT system provides
the same CNR at 64% of the dose for the 18 cm breast. Additional dose efficiency is expected in the IGCT system
due to the increased detective quantum efficiency of the photon‐counting detector.48
The clinical feasibility of inverse‐geometry breast CT requires further investigation. A prototype breast IGCT
system must be developed to experimentally measure the scatter and general performance of the proposed
system. Future work must investigate the effects of the photon‐counting detector and quantify the performance
of inverse‐geometry breast CT relative to specific imaging tasks, for example, the detection of masses.

Overall, the inverse geometry provided an order of magnitude reduction in SPR compared to a cone‐beam
system, leading to CNR improvements of 1.16–1.48 (no cone‐beam scatter correction) and 1.03–1.25 (ideal
cone‐beam scatter correction) for average and large breast phantoms. This improvement in CNR can be
leveraged to reduce the dose or to improve the contrast and/or spatial resolution. The improved scatter

performance of the IGCT system may be advantageous for dedicated breast CT scanning, a modality that
requires high‐contrast resolution, spatial resolution, and dose efficiency.
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